Abstract-Atrial fibrillation is an increasingly prevalent cardiovascular disease; changes in atrial structure and function induced by atrial fibrillation and its treatments are often spatially heterogeneous. However, spatial heterogeneity of function is difficult to assess with standard imaging techniques. This paper describes a method to assess global and regional mechanical function by combining cardiac magnetic resonance imaging and finite-element surface fitting. We used this fitted surface to derive measures of left atrial volume, regional motion, and spatial heterogeneity of motion in 23 subjects, including healthy volunteers and atrial fibrillation patients. We fit the surfaces using a Newton optimization scheme in under 1 min on a standard laptop, with a root mean square error of mm, less than 9% of the mean fitted radius, and an inter-operator variability of less than 10%. Fitted surfaces showed clear definition of the phases of left atrial motion (filling, passive emptying, active contraction) in both volume-time and regional radius-time curves. Averaged surfaces of healthy volunteers and atrial fibrillation patients provided evidence of substantial regional variation in both amount and timing of regional motion, indicating spatial heterogeneity of function, even in healthy adults.
I. INTRODUCTION
A TRIAL FIBRILLATION (AF) is a major source of cardiovascular risk, second only to coronary artery disease [1] . AF is associated with a 4.5-fold increase in stroke risk [2] , a decreased quality of life [3] , and increased hospitalization costs [4] . Over five million people in the U.S. currently suffer from AF, a number expected to triple by 2050 [5] . Frequent AF episodes damage left atrial (LA) tissue by causing electrical and structural remodeling [6] . There is increasing evidence that the amount of remodeling varies throughout the atrium [7] , [8] . This spatial variation in remodeling creates regional heterogeneity in both structure and function. Electrical heterogeneity is a recognized feature of AF [9] , yet structural and mechanical heterogeneity have received less attention [10] .
Structural heterogeneity also arises from catheter ablation, which permanently scars atrial tissue. Given the limitations of anti-arrhythmic drugs [11] , catheter ablation has become a primary AF therapy [12] , [13] , and has been proposed as a first-line treatment [14] . Ablation early after diagnosis can prevent recurrence of AF, but does so by adding substantial scar, typically at pulmonary vein ostia and the LA roof. Catheter ablation increases the structural and mechanical heterogeneity of the chamber, with unknown effects on LA contractile function.
Regional heterogeneity of mechanical function could be a valuable indicator in quantifying both disease progression and ablation therapy efficacy. By quantifying regional mechanics, clinicians could potentially: 1) quantify the effects of medical and catheter-based therapies on preserving LA mechanical function, 2) select ablation patterns that minimize injury to regions that contribute most to mechanical function, 3) measure AF-related damage based on loss of mechanical function, and 4) monitor regional function and remodeling following catheter ablation. Measures of atrial mechanical function could also be useful for patients with heart failure, mitral valve disease, or hypertension, all of which are known to adversely affect the left atrium [15] - [17] . Methods to quantify atrial function could also be applied to the right atrium, which is ablated in some procedures [18] with unknown effects on right heart mechanical function.
Previous studies have attempted to derive regional mechanics from 2-D imaging modalities, but conclusions are inconsistent when monitoring post-ablation recovery [19] - [24] . Many techniques for measuring regional mechanics, such as echocardiographic speckle tracking, cardiac magnetic resonance (CMR) tagging, and cine displacement encoding stimulated echo (DENSE) CMR, are limited in the atrium by its thin walls, which are typically only 2-3 mm thick. Spacing of CMR tags in human subjects is typically greater than 5 mm [25] , [26] , while current implementations of 2-D and 3-D DENSE CMR use image resolutions of 2.8 mm [27] , [28] , neither of which could accurately capture atrial motion. We therefore developed an alternative approach to measuring regional mechanics by fitting data from cine CMR to generate a continuous surface representing the left atrial endocardium in space and time, and quantifying both the amount and timing of its motion.
We generate the endocardial surfaces using the finite element method to divide a continuous body into linked elements connected by nodes, then fit those elements to image-derived data points. This method was first applied to physiological surfaces by [29] , who fit an epicardial surface of the left ventricle to data from coronary angiograms. Similar approaches were used to fit the left ventricular endocardium [30] and motion of the ventricle [31] . The approach was extended to fit strain data from MR tagging experiments in [32] - [34] , and [35] , and implanted bead markers in [36] . The method was also used for other physiological structures in [37] and [38] . In any work using surface fitting, common issues arise: accounting for rigid-body motion, assigning data points to locations on the mesh, scaling nodal parameters across elements, optimizing nodal parameters quickly and accurately, and deriving specific quantitative measures of interest from the fitted surface, all of which are handled differently depending on the structure and application. This paper represents the first application of finite-element fitting and wall motion analysis to quantify 3D regional mechanics in the left atrium. It establishes methods for extracting the required data from clinical CMR images and reducing common sources of inter-observer variability, presents an approach to constructing a coordinate system specifically suited to the atrium, and proposes easily interpreted wall-motion-based measures of regional mechanics. We demonstrate the ability of this approach to generate fitted surface meshes with a mean fitting error of 2.3 mm (less than 9% of the mean surface radius) and inter-operator variability of less than 10%, and to quantify regional heterogeneity of wall motion in healthy volunteers and AF patients.
II. METHODS

A. Image Acquisition
All studies were approved by the University of Virginia Institutional Review Board (IRB). Nine healthy volunteers and fourteen AF patients were recruited from the University of Virginia Health System for a research CMR scan with informed consent. All scans were performed on a 1.5-T Magnetom Avanto (Siemens Healthcare, Erlangen, Germany). A steady-state free procession (SSFP) imaging sequence was employed, with a median flip angle of 71 (range 48, 79) degrees, repetition time of 39 (30, 45) ms, and echo time of 1.4 (1.1, 1.6) ms. Electrocardiographic gating was used in a slice-selective imaging acquisition during held expiration with a 6 mm slice thickness. A single slice was acquired in the sagittal and coronal planes, as well as the left vertical long-axis (two chamber) and horizontal long-axis (four chamber) planes relative to the heart. A stack of slices was acquired in the axial plane with no interslice gap. Roughly 15-20 axial images were acquired to ensure adequate coverage of the left atrium. The field of view varied depending on the imaging plane, but was approximately 300 300 mm, and the pixel size was 1.2 1.2 mm, where the RF bandwidth was 930 Hz/pixel. Each imaging sequence was reconstructed into 25 time phases, equally spaced across the cardiac cycle based on the R-R interval.
B. Image Processing
CMR images were manually contoured using ARGUS software (Siemens Healthcare). We developed a standardized contouring process in an attempt to reduce inter-operator variability. The left atrium was isolated in the viewing window by centering and magnifying the image. Operators were trained to trace the edge between bright blood and dark surrounding tissue, which best represents the left atrial endocardial surface [ Fig. 1(a)-(e) ]. Areas where this edge was absent, specifically the mitral valve orifice, pulmonary vein ostia, and left atrial appendage orifice, required special instruction. Operators were instructed to exclude the left atrial appendage by drawing the contour from the left atrial tissue separating the left pulmonary veins and the left atrial appendage to the intersection of the left atrial appendage and anterior-superior wall [ Fig. 1 
For the mitral valve, operators were instructed to draw contours that crossed the mitral valve annulus into the ventricular cavity along the direction of neighboring atrial endocardium [ Fig. 1(c) ]. Contour points below the mitral valve plane were later removed and replaced with a mitral valve "cap" [Section II-E]. Four pulmonary vein and four mitral valve landmarks were identified at each phase in the cardiac cycle. Three of the four pulmonary veins, including right superior, right inferior, and left inferior, were identified using the stack of axial plane images [ Fig. 1(a) , (b), (e)]. The left superior pulmonary vein was identified using the coronal imaging plane [ Fig. 1(d) ]. Two mitral valve points (lateral and septal) were identified using the horizontal long-axis (four chamber) plane [ Fig. 1(f) ], and two (superior and inferior) were identified using the left vertical long-axis (two chamber) imaging plane [ Fig. 1(c) ].
C. Left Atrial Coordinate System
Contoured and landmarked images were imported into MATLAB r2010b (MathWorks, Natick, MA, USA), with each contoured pixel treated as a single data point [ Fig. 1(g) ]. We used the landmarks to create a time-varying coordinate system that accounted for rigid-body motion [ Fig. 1(h) ]. First, pulmonary vein and mitral valve planes were fit to their respective landmarks. The plane center was defined as the centroid of each landmark group. A vector between the plane centers formed the z-axis of the coordinate system. This axis controlled for tilting of the heart during the cardiac cycle. The pulmonary vein plane required at least three landmarks, but could accept more, accommodating variable pulmonary vein anatomy; the left and right pulmonary vein centroids were calculated separately and averaged to find the plane center. A vector from the right pulmonary vein centroid to the left pulmonary vein centroid defined the x-axis, controlling for rotation of the heart. The remaining axis (y) was calculated as the vector cross product. The bisection of the pulmonary vein-mitral valve axis established the origin of the coordinate system ( Fig. 1(h) , gray arrows) and controlled for translation of the atrium during the cardiac cycle.
D. Finite-Element Mesh
Because the left atrium is roughly spherical, we performed all fitting in spherical coordinates . We represented the endocardial surface of the left atrium with a finite-element mesh where the radius varies as a function of space and time,
. The finite-element mesh is composed of individual elements that intersect at nodes; element coordinates ranging from 0 to 1 specify the relative location of any point within the element. Polynomial interpolation (basis) functions describe the variation of radius across each element. Following [37] , we used cubic Hermite basis functions to interpolate radii in the two spatial dimensions because the coefficients represent physically meaningful parameters (the radius and its spatial derivative at each node) and because they ensure that the radius and its first derivatives are continuous at all element boundaries ( continuity). We used Lagrange polynomial interpolation in time. The general 1-D cubic Hermite interpolation of a variable, , as a function of position, , in an element is (1) where the nodal values and derivatives are scaled by four basis functions (2) The general 1-D Lagrange interpolation for an th-order polynomial is (3) where the nodal values at positions are scaled by basis functions (4) We selected element density prior to fitting based on expected variation in the surface through space and time. The spherical surface was divided into 16 elements (4 4), equally spaced in . We chose a seventh-order temporal fit to capture the complex left atrial emptying patterns, requiring eight node locations in the time dimension. Temporal node locations in (4) were spaced at the Chebyshev coefficients, the roots of Chebyshev polynomials described in [39] , to add temporal stability and speed of convergence during optimization. Extension of a cubic Hermite interpolation into two dimensions, known as bicubic Hermite, expands (1) to include four nodes instead of two, and four nodal parameters per node instead of two-nodal values, derivatives in two spatial dimensions, and the cross derivative. An element was created by replicating the four bicubic Hermite nodes at eight temporal locations, creating 32 nodes per element. Each of these 32 nodes contained 4 nodal parameters, creating 128 nodal parameters per element. A complete 16-element mesh, u, contained 160 nodes with 640 nodal parameters. Constraints at the poles (Section II-G) reduced the total number of independent nodal parameters (degrees-of-freedom) to 432. We set the initial mesh to a static sphere, with constant radius equal to the median data radius [ Fig. 2(a) ].
E. Data Projection
Before projecting data points onto the finite-element mesh, we introduced an artificial mitral valve "cap" to standardize behavior of the fits near the mitral valve orifice [ Fig. 1(c) ]. Mitral valve annulus points were identified at the intersection be- tween the mitral valve plane and imaging plane contours. Contour points falling beyond the mitral valve plane were removed and replaced with an artificial point set. To ensure a smooth boundary, the position and direction of the left atrial wall immediately adjacent to the annulus were used in a 1-D cubic Hermite function in (1) and (2) to generate the cap. To standardize the impact on the fitted surface, the number of artificial points was scaled to the distance between the annulus points.
We projected all data points radially onto the finite-element mesh, allocating points to elements based on their position in spherical space and time [ Fig. 2 
F. Scaling Factors
Mapping data points onto a mesh composed of elements with normalized coordinates ranging from 0 to 1 requires scaling the data, and the effect of that scaling is more complicated when using cubic Hermite basis functions to match both the radius and its derivatives across elements. Consider a 1-D function mapped onto 1-D elements with element coordinates , so that and . The derivative is defined by the chain rule, where
If we choose a linear mapping of into , scaling between local and global domains will be constant within an element. We can then define a constant scaling factor as the length of the element, such that if ranges from 0 to 1. This scaling factor is a property of an element and scales the nodal parameters that border it. In order to match the slope between two adjacent 1-D elements ( and ) at the node where they meet, we apply (5) at the node and ensure that (6) so that in general if the elements are different sizes and have different scaling factors, matching the physical slope at the joining node requires that the slope in element coordinates will not match at the joining node. For illustration, we sampled a 1-D polynomial function and added Gaussian noise to produce a set of points [ Fig. 3(a) ]. We then divided the domain into two elements and projected the sampled data onto those elements. Nodal parameters were optimized to minimize the squared error between the data and the interpolated surface. If elements were evenly spaced, all of the scaling factors were equal and could be disregarded without affecting the fit. However, when we set element spacing to be nonuniform, a normal parametric fit without scaling factors resulted in a slope discontinuity at the element interface [ Fig. 3(b) ]. Including a scaling factor for each element restored continuity [ Fig. 3(c) ]. In the present work, we scaled each element dimension based on the global space it occupies and the cross-derivative term by the product of the two scaling factors . The overall interpolation function for an element becomes (7) where and summation is implied.
G. Model Constraints
Since we used a spherical surface to represent the atrium, additional constraints were required to ensure continuity at the surface poles . We constrained nodal radii to be equal and nodal derivatives with respect to the zenith angle to be the negative of the derivative on the opposite side of the pole. Partial derivatives with respect to the azimuthal angle were constrained to be zero, ensuring C and continuity. Finally, all nodal radii were constrained to be positive. These constraints are summarized as (8) where , and is the number of nodes at the pole of interest.
H. Surface Fitting
We solved the optimization problem using Newton's method to find the nodal parameters that provided the best fit of the model surface to the endocardial data [ Fig. 2(c) ]. The components of the optimization scheme were: 1) create the error minimization function, 2) impose surface smoothing penalties, 3) ensure necessary parameter constraints, 4) build the objective function, and 5) calculate the necessary gradients and Hessian matrices.
We defined error as the squared difference between the surface radius and the data point radius . The surface radius is a function of the data point position in the element and the nodal parameters and scaling factors that define the element. We normalized each element error by the number of points in the element to account for variable point density. We computed the total error as a summation of error across all elements (9) To control surface smoothness, we introduced a Sobolev smoothing constraint, with two constants, and , integrated over each element surface then summed across elements, where (10) Here, represents a penalty on surface stretching and represents a penalty on surface curvature, as described previously in [36] . Sobolev smoothing factors were set at and and integrated using twelve-point Gaussian quadrature. We combined the smoothing function with the error function, , to create the objective function. Here, can be weighted by (equivalent to scaling simultaneously) and we typically set between 0 and . Results presented here were obtained with set to zero. Mesh constraints were aggregated into an equation array, . We constructed a Lagrangian, , as the summation of (9), (10) weighted by , and the constraints weighted by Lagrange multipliers (11) Both the Lagrangian gradient array and Hessian matrix were required for each iteration of the Newton optimization. A solution was achieved when (12) Nonlinear optimization was performed using a sequential quadratic programming algorithm, SQPlab [40] within the MATLAB environment. During an iteration, a quadratic programming subproblem was solved using Newton's method. SQPlab was modified to use the CPLEX Solver (iLOG, Sunnyvale, CA, USA). The convergence tolerance in (12) was set to . Initial Lagrange multipliers were set to equivalent fractional weights, 1/(total number of constraints).
Input data sets contained 20 000-85 000 total data points (median size 52 000). A single element typically contained 1500-2000 data points. All MATLAB processing was done 
I. Quantitative Wall Motion Analysis
Using the fitted surface, we computed left atrial chamber volume by numerical integration. As a reference, we calculated axial volume by summing the area of axial contours, each scaled by the CMR image slice interval. Volume below the mitral valve plane was discarded. Fractional changes in volume were computed by normalizing chamber volumes to the maximum value for that subject. Fractional changes in radius were assessed using fractional shortening (FS) (13) To segment the surface into anatomic regions, we used the digitized landmarks (pulmonary veins and mitral valve annulus) to define the posterior wall (the pulmonary valve plane) and mitral valve plane. Between these two planes, we separated the surface into four midwall regions based on 90 rotations about the pulmonary vein-mitral valve (z) axis, offset by 45 from the right-to-left pulmonary vein vector. This defined the intraatrial septum, lateral wall, inferior wall, and superior wall. To create an averaged surface of healthy volunteers or AF patients, we averaged nodal parameters for all the fitted surfaces in the subject group. We then quantified global and regional motion from the averaged surface.
III. RESULTS
A. Image Processing
Inter-observer agreement in slice contour areas and atrial volumes were determined in a two-operator comparison using a subset of CMR data (five AF patients, three healthy volunteers). The operators contoured the eight atria at minimum and maximum atrial volumes (ventricular end diastole and end systole, respectively). Operators followed instructions to exclude left atrial appendage and include the MV plane, tracing into the left ventricle [ Fig. 4(a) ]. The artificial MV cap (dotted line) successfully corrected for variable tracing extensions past the MV plane, producing a similar cap even when the two observer tracings were quite different [ Fig. 4(a) , right]. We compared individual contours traced by the two operators using a Bland-Altman analysis of contour areas, including all axial and nonaxial imaging planes [ Fig. 4(b) ]. The average difference in area was 1.4 cm (8.6% of mean slice area), with a 95% CI of cm . When atrial volumes were computed as a summation of axial contour area, scaled by the CMR image slice interval Bland-Altman analysis [ Fig. 4(c) ] revealed a small difference in total atrial volumes between operators (5.9 mL, with a 95% CI of mL), which represented 9.0% of the mean volume.
B. Left Atrial Coordinate System
We used anatomic landmarks to create a coordinate system that removed bulk chamber motion. To confirm this, we tracked landmark motion in all data sets through a single cardiac cycle. The centroid of the pulmonary vein plane translated a small amount during the cardiac cycle [ mm at peak mean ; Fig. 5(a) ]. The centroid of the mitral valve plane moved much more ( mm at peak), especially along the PV-MV axis [ mm at peak; Fig. 5(b) ]. Motion of the mitral valve annulus landmarks was not uniform; the inferior MV landmark moved the most ( mm) and the right MV landmark the least ( mm), indicating tilting of the mitral valve plane relative to the pulmonary vein centroid. The mitral valve of AF patients moved less than healthy volunteers but the two groups had similar patterns of landmark motion.
C. Surface Fitting
All data sets converged to the specified tolerance of with root mean square error (RMSE) of mm (range 1.4-3.4). Fitted regional radii varied between 10 and 42 mm with a mean of 26 mm. The optimization terminated after one iteration and seconds computation time. The exact solution had a lower RMSE compared to an alternative quasi-Newton method that did not calculate the Hessian matrix, even when the alternative method was run for over 50 solver iterations. Computation time was dependent on the number of fitted data points and the mesh element density. Sobolev smoothing increased the total computation time but did not affect solver convergence. RMSE did not vary with time in the cardiac cycle ( , one-way ANOVA), or between normal volunteers and AF patients ( , unpaired Student's t-test). We observed the largest errors at positions where contours from different imaging planes overlapped but disagreed. This disagreement could have arisen from random errors such as contouring error or beat-to-beat variations in left atrial motion, or due to a shift of one slice relative to others induced by variable diaphragm position during held-expiration image acquisition. To assess the potential role of breath-hold artifacts, we measured the average distance between contours over the cardiac cycle at 569 intersections of 271 contours in the 23 data sets. The average translation was mm. Ten slices (4%) with translation greater than 5 mm were reviewed, but only one was shifted enough to alter computed volumes and fractional shortening; that single slice was omitted from the final analysis.
D. Quantitative Analysis of Left Atrial Volumes
We compared atrial volumes computed by summing axial contours to volumes computed by integrating the fitted 3-D surface. As expected, the two methods generally agreed, and the fitted volumes were smoother in time [ Fig. 6(a) ]. Fitted volumes matched summed axial volumes in a Bland-Altman analysis [ Fig. 6(b) ], with a small positive offset of mL ( error). The changes in atrial volume during a normal cardiac cycle were divided into four phases: filling (ventricular systole), passive emptying, diastasis, and active contraction (atrial systole) [ Fig. 6(a) ]. These four phases were consistently observed in all patient and volunteer atria, but varied in duration and magnitude. Maximum atrial volumes, measured at the end of atrial filling, ranged from 42 to 180 mL, with a mean of mL. Fractional change in atrial volume ranged from 34% to 75%, with a mean of %. Of this total change in volume, % was active, ranging from 26% to 77% across all volunteer and patient data sets.
E. Quantitative Analysis of Regional Wall Motion
Average regional radius curves for the volunteer atria followed similar patterns of filling and emptying [ Fig. 7(a) ] compared to atrial volume [ Fig. 6(a) ], and similarly had both passive and active emptying phases. The timing and magnitude of emptying varied substantially among regions. We divided the atrium into six regions and mapped them onto a 2-D Hammer projection [41] , displaying the entire left atrial surface [ Fig. 7(b) ]. Using the continuous fitted surface, we were able to compute radial motion at any point on the left atrial wall. We calculated radial motion and radial fractional shortening (FS) at 6400 equally spaced points, then projected them onto a 2-D Hammer map, producing a continuous spatial map of left atrial function [ Fig. 7(c) and (e) ]. The orientation of the Hammer map follows our coordinate system [ Fig. 1(h) ], where the z-axis extends from the pulmonary vein plane to the mitral valve plane, or from the North to South pole of the map. The range of regional motion was greatest in the inferior wall (Fig. 7(c) , (e), dark blue), and least in the superior wall (light blue) We analyzed regional motion using both a fixed origin at a constant distance from the pulmonary vein center and a floating origin that moved with the mitral valve (Fig. 7(c) and (e), and (d) and (f), respectively). A fixed origin showed the majority of radial motion and fractional shortening occurred around the mitral valve annulus [ Fig. 7(c) and (e)]. We expected this based on the motion of atrial landmarks around the mitral valve and pulmonary veins [ Fig. 5(a) ].
We constructed average wall motion maps for the nine healthy volunteers and the 14 AF patients. Fractional shortening was depressed in the AF patients [ Fig. 8(b) ] compared to the volunteers [ Fig. 8(a) ]. The regional pattern of motion was consistent between groups, with the highest motion in the lateral and inferior walls and lowest motion in the superior wall. Using local peak detection, the timing of atrial contraction was mapped for each of the 6400 radial motion points, excluding those where an active contraction peak could not be detected. The AF patient group had more spatial variation in timing of contraction [ Fig. 8(d) ] compared to the more homogeneous volunteer group [ Fig. 8(c) ].
IV. DISCUSSION
Atrial fibrillation induces adverse remodeling and fibrosis, which varies regionally. Catheter ablation, a primary treatment for AF, produces atrial scar in specified regions to interrupt aberrant electrical signals. In both disease progression and ablation therapy, the atrium undergoes regional changes that increase spatial heterogeneity of electrical and structural tissue properties. We therefore sought to develop a method to measure regional mechanical function, which could be a valuable indicator in evaluating patient health and procedure efficacy.
Here, we present a method to quantify regional function in the left atrium by tracking heart wall motion. We contoured the endocardial border from a series of CMR images then fitted the contours to a continuous finite element surface mesh and quantified motion throughout the cardiac cycle. Fitted surfaces captured heterogeneous patterns of passive and active emptying while maintaining an RMSE of mm, or 9% of the mean fitted radius. Mechanical function varied across regions of the atrium, in both the healthy and AF hearts. Fitting error did not significantly vary with atrial size, regional motion, or active contraction across data sets, demonstrating a robust fitting method.
A. Image Processing
Manual contouring is typically a considerable source of variation in medical imaging analysis [42] , and we sought to minimize this by standardizing the tracing process. Initial trials revealed that certain regions, including the left atrial appendage, mitral valve annulus, and pulmonary vein ostia, were especially difficult to trace because the operator did not have a clearly identifiable blood-tissue interface. Using standardized instructions and an artificial mitral valve cap, we held operator variation to less than 9% of mean slice area and less than 10% of mean atrial volume. Based on Bland-Altman analysis, we found nine traced images where operator variation exceeded the limits of agreement, and these outliers confirmed our initial suspicions: all nine came from imaging slices that captured the left atrial appendage, pulmonary vein ostia, or the mitral valve. Future versions of the tracing procedure will use feedback from orthogonal imaging planes and a database of traced images to help operators handle these ambiguities.
B. Left Atrial Coordinate System
We designed a time-varying coordinate system to compensate for known whole heart motion. Although the atrium does move relative to the body during a cardiac cycle, the motion is dominated by the piston-like action of the mitral valve while the pulmonary veins remain relatively stationary (Fig. 5 ). An important component of this coordinate system is the choice of origin, and whether that origin moves with the filling and emptying atrium (Fig. 7) . Using a fixed origin emphasized longitudinal spatial heterogeneity (top to bottom in a Hammer map) and masked variations along the midwall (left to right in a Hammer map). Variations between midwall regions were more clearly distinguished using a floating origin. In the averaged volunteer data set, the floating origin lowered the spatial coefficient of variation (spatial standard deviation normalized to mean motion) for radial motion to 0.38 from 0.84 [ Fig. 7 (c) and (d)] and for fractional shortening to 0.35 from 0.77 [ Fig. 7(e) and (f) ]. This decrease of 55% was similar in the averaged AF atrium. We hypothesize that the smaller coefficient of variation in the floating origin approach will provide greater sensitivity for detecting regional abnormalities in atrial wall motion.
C. Surface Fitting
Newton optimization was a departure from the work of [37] , who calculated the gradient of the Lagrange function but not the Hessian matrix. We chose to explicitly calculate the Hessian matrix of (11) to improve solver convergence. Since the error function in (9), the smoothing function in (10) , and the constraints in (8) were all second order or lower, the Lagrange function was quadratic. Element-based scaling factors did not vary during optimization, thus they did not influence solver iterations. Since the initial and final meshes all had positive nodal radii, optimized surfaces did not contact the inequality constraints in (8) . In combination, these factors reduced the optimization to an interior-point problem, ensuring convergence to an exact solution in a single iteration.
D. Left Atrial Volume
Left atrial volume derived from our fitted surface mesh was slightly larger than the traditional CMR volume calculation via the summation of stacked images Our surface mesh approach incorporates multiple imaging planes beyond the single image stack and utilizes data from the entire cardiac cycle to fit a surface. A Bland-Altman analysis [ Fig. 6(b) ] revealed a positive offset of 7.6 mL between the fitted surface volumes and the traditional summed axial stack volumes Järvinen et al. [43] also reported a small positive offset (1.7 mL) between the true volume and CMR volume of cadaveric LA casts. We suspect that the observed offset is generated in the superior and inferior aspects of the atrium, which have poor definition in an axial stack of images, leading to underestimation, but are clearly defined in the coronal and sagittal views and incorporated into surface fits.
Measurements of left atrial volume will be sensitive to the choice in imaging planes. We quantified this sensitivity by removing contour data from an individual imaging plane and refitting a surface. We then measured the deviation between the full and reduced surfaces as a proxy for the sensitivity of the sequestered contour data, and repeated this analysis for every imaging plane in each of the 23 data sets. Omitting a single imaging plane altered computed maximum volumes by ml on average. The coronal imaging plane was the most valuable, with its loss generating a % deviation in maximum atrial volume.
E. Regional Wall Motion
Left atrial surfaces revealed regional heterogeneity of mechanical function, even among healthy volunteers. We observed the greatest wall motion in the inferior wall of healthy volunteers % , of which 71% was passive emptying. In contrast, the superior wall moved the least of the defined walls between the mitral valve and pulmonary veins % , but almost all of that motion was active contraction.
Measurements of regional wall motion may also be sensitive to the choice in imaging planes. We replicated the study described in Section IV-D to analyze the sensitivity of regional motion to omission of individual imaging planes. Omitting a single imaging plane altered computed radial motion by mm on average. Regional motion was the most sensitive to the coronal plane and the superior and medial portions of the axial imaging stack, where removing one plane generated deviations in regional radial motion of , and %, respectively. If we assume the atrium is roughly spherical we can relate regional radial motion to regional wall strain. In a local region of atrial tissue with length and radius change in length of the tissue will be proportional to the change in radius , Fig. 9 . Radial fractional shortening (Radial FS) compared to speckle-tracking wall strain (ST Strain). Error bars represent . (a) We compared the average radial FS of healthy volunteers to [44] and of AF patients to [47] , averaged over the entire left atrial wall. (b) We compared regional radial FS to [46] based on speckle tracking strain measured in five separate regions.
where and Normalization eliminates the term, so that numerical values of wall strain and radial FS should be equal, . Strain has been directly measured by several groups using speckle tracking echocardiography and velocity vector imaging, including [44] - [46] , and [47] . We compared our results to the average wall strain measured in healthy adults in [44] and AF patients in [47] . We converted the strain in [44] and [47] to be zero at maximum atrial volume, matching the normalization we used in fractional shortening measurements [ Fig. 9(a) ]. We estimated the variation of this converted strain based on the coefficient of variation in the strain measurements. The average fractional shortening we reported was in close agreement with average speckle-tracking strains, within 1% in healthy volunteers and 14% in AF patients, both within the standard deviation of the respective groups.
We used a similar approach to compare regional fractional shortening measurements with regional strain data for healthy adults reported by Vianna-Pinton et al. in [46] Those investigators used a regional segmentation (five main regions, four mid-wall sections) that was similar to our approach [ Fig. 7(b) ], with some differences in nomenclature. Regional strains closely agreed with fractional shortening measures [ Fig. 9(b) ], especially in the posterior, inferior, and lateral walls, which all agreed with less than 10% difference. Vianna-Pinton et al. [46] also used speckle tracking to catalog the relative timing of atrial contraction based on the time to peak strain rate in each region. We compared these results to the average timing of contraction in volunteers [ Fig. 8(c) ] and found very close agreement. Both regional FS and regional strain rate had early contraction in the septal and posterior walls and later contraction in the superior and lateral walls. The total time delay between regional contractions was 2.3% of the R-R interval in our results, compared to 23 ms reported by [46] . If we assume a healthy heart rate of 60-70 beats/min, this converts to 2.3%-2.7% of the R-R interval and agrees with our results.
A continuous surface has the capability to measure motion in passive and active phases, in both in absolute and relative terms Motion along a single dimension (radial) is a natural outcome of fitting in spherical coordinates and provided a simple measure of motion grounded in a uniform coordinate system. We chose to normalize radial motion to the maximum radius as an analog to ejection fraction and fractional shortening measures in echocardiography. Although fractional volume changes showed lower inter-subject variability than absolute volume changes, normalization did not affect the coefficient of variation of regional measures in this study. We suspect that normalization only corrects for differences in atrial size, whereas regional motion depends on both the size and shape of a region.
V. LIMITATIONS AND FUTURE WORK
Any measure of left atrial function must provide reliable information in a timely manner to have clinical value. In the proposed method, manual contouring represents the largest limitation in both repeatability and time requirements. We showed that operator error can be held to 9% variation in slice contour size and stacked atrial volume. As stated earlier, future contouring will use semi-automated processing and rely on a reference database of traced images to assist operators and further reduce this error. Semi-automated contouring will also lower the required time (currently 6-8 h) to manually contour images. Future work will explore reducing the number of acquired imaging planes to remove redundant images. Proposed methods of automated contouring, including shape-based approaches described in [48] and propagation of contours through time described in [49] and [50] also hold promise for dramatically reducing the time required for segmentation of the endocardial surface.
To quantify AF disease severity, we would like to extend left atrial wall motion analysis to include patients with persistent and permanent AF. Current gating of CMR pulse sequences relies on a consistent R-wave to temporally align imaging slices, so all patients must be in sinus rhythm at the time of scan. Advances in CMR sequence design, including real-time cardiac imaging, may circumvent this problem. In addition, patients could be electrically converted back to sinus rhythm immediately prior to the scan, but severe cases of AF have already failed such therapies. We are unsure of the value in imaging heart wall motion during AF, since true mechanical function would be distorted, but quantifying patterns of motion in a fibrillating atrium would be novel.
Choices in mesh design, including element spacing, smoothing constraints, and temporal fitting order, were set heuristically based on existing methods. Once we acquire a larger patient and volunteer database, a complete survey of mesh design could be performed, choosing element schemes and smoothing levels that balance model complexity with variations in atrial shape and motion. Statistical measures, such as information criterion testing, could verify addition of elements and higher order fits as necessary or superfluous, based on the improved quality of the fit compared to the increased degrees-of-freedom.
VI. CONCLUSION
We introduce here the first application of finite-element fitting and wall motion analysis to quantify 3-D regional mechanics in the left atrium. We established methods for extracting the required data from clinical CMR images and reducing common sources of inter-observer variability, presented an approach to constructing a coordinate system specifically suited to the atrium, and proposed easily interpreted wall-motion-based measures of regional mechanics. We demonstrated the ability of this approach to generate fitted surface meshes with a mean fitting error of 2.3 mm (less than 9% of the mean surface radius) and inter-operator variability of less than 10%. Wall motion analysis revealed regional heterogeneity in atrial function, even in healthy volunteers, and wall motion measures agreed well with recently published speckle-tracking strain measurements. Using this approach, clinicians could assess heterogeneous changes in mechanical function during AF disease progression and following RF ablation treatment. Accurate assessment of an AF disease state and the consequences of proposed interventions could create new treatment benchmarks, refine clinical decisions, and improve long-term outcomes for patients.
